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Streamline-Based Microfluidic Devices for
Erythrocytes and Leukocytes Separation
Siyang Zheng, Jing-Quan Liu, and Yu-Chong Tai, Fellow, IEEE
Abstract—In this paper, we report two devices for the continu-
ous size-based separation of particles, such as blood cells, which
is an important step for on-chip blood preparation. Unlike previ-
ously demonstrated passive fluidic devices for particle separation,
the local geometry of the bifurcated side channels was used as
a design parameter. The design of the devices was based on 2-D
fluidic simulation of a T-shaped model. This novel approach was
proved to be effective in predicting device performance. The criti-
cal particle size for separation was clearly defined in the bifurcated
region by simulation under the established theoretical framework.
We validated the operation principle of the devices by separating
5- and 10-µm polystyrene beads. Human leukocytes were also
successfully separated from erythrocytes with 97% efficiency. The
separation region of the device had a small footprint for the sep-
aration of particles in micrometer range, which makes this device
a good candidate to be integrated into a lab-on-a-chip system.
The particles were collected in different exit channels after they
were separated, which facilitated further sensing and processing.
Similar to cross-flow filters, particles were separated perpendic-
ular to the flow direction. The filtering effect was achieved with
the collection zones established by the fluidic field. Clogging was
minimized by designing the minimal channel width of the devices
larger than the largest particle diameter. Solvent exchange could
be accomplished for particles. [2007-0196]
Index Terms—Blood, microelectromechanical devices.
I. INTRODUCTION
THE DEVELOPMENT of micrototal-analysis (microTAS)and lab-on-a-chip technologies represents a valuable tool
for biological cell study and clinical applications involving
cells. The ability to isolate homogeneous and concentrated cell
populations from heterogeneous cell mixtures is a prerequisite
for understanding cell development and differentiation, the un-
derlying biochemistry of specific cell types, and cell responses
to environmental stimuli [1], [2]. Blood cells form a hetero-
geneous mixture in nature and continuously respond to the
physiological and pathological changes of human body. Thus,
they are believed to be able to provide rapid and accurate diag-
nostic and prognostic capabilities for medical situations, such
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as infectious diseases, cancers, and inflammatory responses [3].
Unfortunately, extracting information from blood cells can be
very challenging due the massive numbers of erythrocytes and
the diversity and rareness of the target cells, e.g., a subtype
of leukocytes such as CD4+ T helper cells, circulating tumor
cells, or stem cells. In this paper, we achieved a step toward
on-chip blood sample preparation by demonstrating separation
of erythrocytes and leukocytes (which contain the target cells
for most of the cases) in a simple microfluidic device with a
very small footprint, which can be expected to be integrated as
a component for on-chip blood analysis.
Conventional methods for cell separation take advantage
of different cell properties [4]. For example, centrifugation
and gradient centrifugation are widely used for macroscale
cell separation and based on differences in buoyant gravity
of particles. Immunological techniques, such as fluorescence-
based flow cytometry (FACS), magnetic cell sorting (MACS),
and affinity chromatography, have been popular, too, because
of their specificity and applicability.
Recently, there have been efforts on conducting cell sepa-
ration in microscale. Many of them have active components
which take the advantages of external fields for separation.
For examples, field-flow fractionations combine the parabolic
flow profile in microchannels with an external field, such as
sedimentation, hydrodynamic flow, thermal, and electrical, to
separate particles [5]–[7]. Dielectrophoretic (DEP) mechanisms
[8], [9] have been used for cell separation either by capturing
certain types of cells on an electrode surface with positive
DEP force [10] or deflecting certain types of cells from the
electrode surface with negative DEP force [11]. Magnetic sep-
arators have exploited the weak paramagnetic or diamagnetic
difference between erythrocytes and leukocytes in blood to
separate them [12]–[14]. More generally, antibody conjugated
magnetic particles have been used, as in MACS, to separate
a specific type of cells from a heterogeneous mixture of cells
[15]. Acoustic standing waves have also been used to contin-
uously separate beads from solution and lipid particles from
erythrocytes [16], [17]. Microflow cytometry with fluorescent
detection is a general method for biological cell separation, as
in traditional FACS. Improvements from traditional FACS are
made by replacing glass capillary-based flow chambers with
microchannels, integrating compact optics, and providing on-
chip sample transport [18]–[21].
The other general category for cell separation in microscale
is passive devices. They are generally operated by flowing
particle suspensions through the device using pressure sources
or syringe pumps and, at the same time, separating the parti-
cles. There have been several examples for cell separation in
1057-7157/$25.00 © 2008 IEEE
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TABLE I
COMPARISON OF HUMAN ERYTHROCYTES, LEUKOCYTES, AND PLATELETS [44]–[47]
microfabricated devices using mechanical forces. Leukocytes
have been separated from whole blood in microchips containing
dense arrays of posts spaced at 5 and 7 µm and a series of
weir-type structures of 3.5-µm height with a capture efficiency
between 7% and 35% [22]. A series of massively parallel mi-
crofabricated sieving device has been used to separate cultured
tumor cells from blood in 10 µm wide by 20 µm deep channels,
whereas in a derivative device, leukocytes are separated from
erythrocytes in 2.5 µm wide by 5 µm deep channels [23]. A mi-
crostep device has been demonstrated to separate submicrome-
ter polystyrene beads and binary mixtures of bacteria and yeast
cells in a shear-driven flow with stepwise tapered microchannel
structure [24]. Biomimetic techniques have also been used for
cell separation. Granulocytes, lymphocytes, and erythrocytes
have been separated due to interaction with polar urethane-
coated channel walls and the proposed heteroavoidance be-
tween granulocytes and lymphocytes in a lattice of channels of
5 µm by 5 µm dimension to mimic capillaries [25]. Leukocyte-
to-erythrocyte ratio has been enriched by 34-fold in whole
blood sample by taking advantage of the intrinsic features of
blood flow in the microcirculation, such as plasma skimming
and leukocyte margination, in a microfluidic device [26]. A
microarray structure coated with E-selectin IgG chimera has
been shown to efficiently capture and arrest HL-60 and U-937
cells [27].
More relevant to this paper are examples of passive de-
vices to separate cells hydrodynamically. Bump array devices
composed of row-shifted poststructures in a fluidic chamber
have demonstrated continuous separation of submicrometer
size particles, including large DNA molecules [28], erythro-
cytes, leukocytes, and plasma [29]–[32], based on determinis-
tic displacement principle. Particle separation in microfluidic
bifurcations has been studied [33], [34]. Blood plasma has
been separated from blood cells continuously in microchannel
bend structures [35], [36] and bifurcating channel structure
[37], [38]. The group of M. Seki designs pinch-flow devices
[39], [40] and devices with multiple side bifurcated channels
[41], [42] and demonstrates continuous separation of beads
with different diameters by controlling the fluidic resistance
of the branch channels. Recently, the multiple side bifurcated
channel device has been demonstrated to separate rat liver cells
by size [43]. The underlying principle for these hydrodynamic
separators is the same. The particles of micrometer size ap-
proximately follow streamlines in the microdevices due to the
laminar flow (Reynolds number Re  1) and the insignificance
of the particle diffusion (Peclet number Pe  1). The fluidic
streamlines and the geometrical restrictions from the device
wall determine the trace of a particle, and critical particle radii
for separation can thus be defined. Hydrodynamic separation
is attractive because it does not involve moving parts and
require active manipulation of particles by other external energy
sources. This paper aims specifically to develop a reliable,
reusable, continuous, and efficient separation method by using
microfluidics for erythrocytes and leukocytes separation.
Human blood cells can be roughly classified into three
groups: erythrocytes [red blood cells (RBCs)], leukocytes
[white blood cells (WBCs)], and platelets. Leukocytes can be
further classified into granulocytes, monocytes, and lympho-
cytes. Table I compares the geometries and counts of erythro-
cytes and leukocytes in adults. Generally speaking, leukocytes
are larger than erythrocytes. However, there is a wide size range
for leukocytes, and the diameters of small lymphocytes overlap
with those of erythrocytes. On the other hand, because of its
biconcave disk shape, the height of a normal erythrocyte varies
from 1.5 to 3.0 µm, which is clearly smaller than the average
leukocyte whose diameter falls between 6 and 20 µm.
II. PRINCIPLE
The principle of the device is based on streamline engineer-
ing in the separation region. For the dimension of the device and
the flow rate used in testing, the Reynolds number is on the or-
der of 10−2. The flow inside the devices falls into low Reynolds
number laminar flow regime. The center of the particles can
be assumed to follow the streamlines of the fluidic field,
assuming there are no interactions between the particle and
the channel wall and the particle concentration is low enough
that particle–particle interaction can be ignored. The separa-
tion principle of the device can be illustrated with a T-shape
channel in which a side channel branches out at 90◦ from the
main channel (Fig. 1, top). In Fig. 1, at the bottom, the bifur-
cated region of the T-shape channel is illustrated with a 2-D
fluidic simulation of undisturbed streamlines superimposed.
The flow is from right to left and top to bottom. A stagnation
point can be identified, which is normally very close to the
downstream vertex of the device wall. At this point, the flow
has zero velocity. From the stagnation point, a division line can
be drawn, which separates the fluid region into two parts. The
region between the division line and the device walls, including
the side channel, defines the collection zone. If the center of a
particle always stays in the collection zone of the main channel,
it will be “collected” into the side channel. The vertical distance
between the division line and the upstream vertex of the side
channel defines the critical particle radius R for separation. The
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Fig. 1. Principle of separation. Top drawing shows the T-shape channel with bifurcated region labeled by a box. Bottom drawing is a detailed illustration of the
boxed area. Background is a 2-D fluidic field simulation with color-coded streamlines. Stagnation point, division line, and collection zone are labeled. Also labeled
is the upstream vertex, where the critical particle radius for separation R is defined. The length of side channel L and the vertical distance between downstream
and upstream vertices of side channel walls ∆λ are shown. Traces of two particles with radius (orange color) larger and (green color) smaller than R are also
illustrated with black dashed lines.
critical particle radius determines the upper limit of a particle
that can go into the side channel.
When particles flow into the bifurcated region of the T-shape
channel, they are forced to flow along the bottom channel wall,
as shown in Fig. 1, to ensure that the particles are subjected to
the same separation conditions. This can be accomplished by
using pinched flow, which will be shown later in Fig. 3. When
there is no interference from the wall, the particle will flow
along the same streamline. The particle–device wall interaction
might shift the center of a particle to a new streamline. For a
particle whose radius is smaller than the critical particle radius
R, its center always stays inside the collection zone; thus, it
flows into the side channel. For a particle whose radius is larger
than R, its center is above the division line at the upstream
vertex and, hence, never enters the collection zone afterward.
III. SIMULATION
The separation is determined by the critical particle radius R.
We studied two factors that can be used to control R: the length
of side channel and the vertical distance between downstream
and upstream side channel vertices. The T-shape channel was
served as our model. The effects were studied by the 2-D finite
element simulation of fluidic field with the Navier–Stokes equa-
tion (Comsol Multiphysics, Comsol, Inc.). An aqueous solution
was assumed to be flowing inside the device. Parabolic velocity
profile with maximal velocity of 1 mm/s was applied at the
inlet. Zero pressure was used for outlets. The no-slip condition
was assumed at the device walls. If not specified otherwise,
1000 µm was used as channel length for inlet, main outlet, and
side outlet channels. 100 µm was used as channel width for both
inlet and main outlet channels, whereas 10 µm was used as the
channel width of the side channel. Hydrodynamic streamlines
in the T-shape channel were generated by simulation, and the
corresponding critical particle radius was measured from the
simulation directly, according to the definition in Fig. 1.
First, we examine the effect of the length of side channel
L. As the solid line generated with finite element simulation
in Fig. 2(a) shows, increasing side channel length decreases
critical particle radius. This is caused by larger fluidic resistance
in the side channel and, hence, a reduced flow rate in the
side channel and can be approximated analytically. For low
Reynolds number flow in a long tube, pressure difference is
proportional to flow rate. The ratio of pressure difference and
flow rate defines fluidic resistance. In 2-D, fluidic resistance can
be expressed as
R =
12 µL
W 3
where W is channel width, L is channel length, and µ is fluid
viscosity. Applying the flow resistance model to the T-shape
channel, the main inlet, main outlet, and side channel outlet
are simulated as three fluidic resistors. The fluidic resistance
of the main outlet is in parallel with that of the side channel.
From the flow rate ratio of the main outlet and the side channel
and assuming a parabolic flow profile of velocity field in the
main inlet, the width of fluid in the main inlet channel that
goes into side channel is calculated. The result is shown in
Fig. 2(a) as the dashed line. The values calculated with the
fluidic resistance model are always larger than those obtained
by simulation. This discrepancy is caused by the fact that the
parabolic velocity profile can only be assumed far upstream
from the upstream vertex, whereas the critical particle radius is
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Fig. 2. Simulation study on critical particle radius R. (a) Effect of side channel length L. Solid line represents the results of 2-D Navier–Stokes simulation.
Dashed line was the calculation from the flow resistance model. (b) Effect of side channel edge distance∆λ. Positive∆λ was defined, as inset.
defined right at the upstream vertex. It is confirmed in our finite
element simulation results, where we find that the calculated
critical particle radius by the fluidic resistance model matches
exactly with the distance between the division line and the main
channel wall at far upstream of the upstream vertex.
The other factor we consider is the local geometry of the
bifurcated region. In this case, the vertical distance between
downstream and upstream side channel vertices ∆λ, as shown
in Fig. 1, is used as a design parameter. As in Fig. 2(b),
generated from finite element simulation, critical particle radius
R increases as ∆λ increases, and it is more sensitive when ∆λ
is positive. ∆λ is a local property, and it is not considered by
the fluidic resistance model. The simulation results in this paper
show that it is a parameter that can significantly change the
critical particle radius. Compared with the side channel length,
a design with local geometry may reduce chip area by avoiding
very long side channels.
IV. EXPERIMENTAL
A. Material
Polydimethylsiloxane [(PDMS); Sylgard 184] was obtained
from Dow Corning, Midland, MI. Polystyrene beads were pur-
chased from Duke Scientific Corporations, Fremont, CA. Beads
with 5-µm diameter are dyed with red fluorophore, whereas
10-µm-diameter ones are dyed with green fluorophore. The
beads are diluted to 105/mL range before use. Wintrobe tubes
of 115 mm long and 3-mm inner diameter were purchased from
Chase Scientific (R828B, Rockwood, TN). Fresh human blood
was collected from healthy donors in anticoagulant-EDTA-
added collection tubes. Blood samples were used within 48 h
of withdrawal. Leukocyte rich plasma (LRP) was prepared with
Wintrobe tubes as follows. One milliliter of bubble-free fresh
whole blood was filled into the tube. The tube was laid on flat
surface for 30 min to an hour. Then, it was gradually tilted up
to vertical position. The upper clear plasma part was carefully
transferred to a clean container.
Human blood cell separation was demonstrated by using di-
luted whole blood for erythrocyte characterization and LRP for
leukocyte measurements. In both cases, the blood was diluted
with Ficoll-Paque Plus (Amersham Biosciences, Sweden). The
major component of Ficoll-Paque Plus is Ficoll 400, which is
a neutral highly branched hydrophilic polymer of sucrose. In
tradition, it has been used as a reagent to purify lymphocytes
from human peripheral blood based on density gradient cen-
trifugation. Its density is 1.077 ± 0.001 g/mL, which is closer
to blood cell density than aqueous saline. Diluting blood with
Ficoll-Paque Plus keeps blood cells alive and enables us to run
experiment over 1 h without severe sedimentation. Leukocytes
in LRP were stained with fluorescent cell nucleus dye acridine
orange (Molecular Probes, Eugene, OR) at a final concentration
of 10 µg/mL. Because erythrocytes do not contain nuclei, only
leukocytes are stained by acridine orange.
B. Device Design
We designed and tested two devices. For device I, we wanted
to test only the effect of local geometry changes. We kept
side channel length L constant and only changed the vertical
distance ∆λ. To optimize for blood cell separation, we changed
both L and ∆λ in device II to achieve a wider range of critical
particle radii.
Both devices contained one sample inlet, one buffer inlet, one
main outlet, and multiple side channel outlets (Fig. 3). Three
side channels with the same local geometry were grouped into
one at downstream. There are 11 of these side channel groups
in device I and ten in device II. After a sample flow met a buffer
flow, the sample flow was pushed against the device wall by the
buffer flow in the pinch-flow region. Relative flow rates from
buffer flow to sample flow were adjusted to a ratio of about
ten, so that all particles in the sample flow aligned against the
channel wall of the sample flow side before they entered the
separation region. The pinch-flow region was 500 µm long,
so that the flow was stabilized before it entered the separation
region. The separation region consisted of an array of bifurcated
channels that are perpendicular to the main channel, each with
a corresponding critical particle radius.
The critical particle radius for each side channel group
was calculated from the finite element simulation of the cor-
responding T-channels. Simulation conditions are similar to
the conditions used in the experimental part. Compared with
calculating all the critical particle radii simultaneously from
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Fig. 3. Design of devices. (a) Device I with only∆λ changed for side channels. (b) Device II with both L and∆λ changed for side channels.
Fig. 4. Prediction of critical particle radii R for different side channel groups in (a) device I and (b) device II.
the whole chip simulation, the simulation of T-channels can be
performed easily on a PC with adequate precision. Moreover, it
is a preferred design approach by being able to consider one
single side channel at once without being worried about the
coupling effects from other side channels at the early design
stage and then integrate all the side channels together later with-
out changing the design parameters. This approach is valid due
to the configuration of the devices. The main inlet (combination
of the sample inlet and the buffer inlet) and the main outlet are
much wider and shorter than the side channels. Therefore, their
flow resistances are much smaller. Moreover, the bifurcation
points of the side channels are very close. In consequence,
the ratio of pressure at the bifurcation points to the overall
pressure is determined and fixed by the flow resistances of the
main inlet and the main outlet, and adding side channels does
not significantly change this ratio. This is the reason that the
T-shape channel simulation can be used to simulate individual
corresponding side channel in a complicated device.
In device I, ∆λ increased from −5 to 5 µm in a 1-µm
increment from upstream to downstream for the 11 groups
of side bifurcated channels. Simulation with T-shape channels
predicted the critical particle radius for each of the side channel
group, as shown in Fig. 4(a). From side channel group number
1 to 11, the critical particle radius increases from 2.9 to 3.8 µm.
To optimize the device for blood cell separation, a de-
vice with a larger span of critical particle radius is desirable.
Erythrocytes average 8 µm in diameter and can range from 7
to 9 µm (Table I). Leukocytes have a wider range, which is
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Fig. 5. Statistics of separation of 5- and 10-µm polystyrene beads. (a) Device I: Side exit channels numbered 1 to 11 are side bifurcated channels, and side exit
channel 12 is the main outlet. (b) Device II: Side exit channels numbered 1 to 10 are all side bifurcated channels.
from 6 to 20 µm. The ratio of erythrocytes to leukocytes in
whole human blood is in the magnitude of thousands to one.
For device II, from upstream to downstream, ∆λ increases
from 0 to 9 µm in a 1-µm increment, and the lengths of the
exit channels decrease linearly from 22 000 to 2200 µm in a
−2200-µm increment. The critical particle radii predicted by
finite element simulation are shown in Fig. 4(b). From side
channel group one to ten, the critical particle radius increases
roughly exponentially in a range from 1.50 to 7.85 µm. This
is desirable, because the majority of cells in blood fall into the
lower size range. With this design, the separation is finer for
smaller particles and rougher for large ones.
C. Device Fabrication
We chose PDMS as the device material because of its
blood compatibility and ease of use. The mold for PDMS
was fabricated by deep reactive ion etching on a silicon wafer
with photoresist AZ4620 as a mask. The channel height for
device I is 40 µm, and that of device II is 20 µm. 1, 1, 1, 3, 3,
3-hexamethyldisilazane was used to treat the mold before ap-
plying homogenous mixture of PDMS parts A and B (10 : 1).
The PDMS was cured with mold at 80 ◦C for 25 min. Then,
it was separated from the mold, cut into pieces, and punched
with Luer stub adapter (gauge 20, Becton Dickinson, NJ) for
access holes. PDMS pieces were then ultrasonically cleaned in
acetone for 10 min and rinsed with acetone and then isopropyl
alcohol (IPA). Finally, PDMS pieces were mounted on clean
glass slides by overnight baking at 80 ◦C.
D. Device Testing
The operation of devices I and II was first validated with
fluorescent polystyrene beads of 5 and 10 µm in diameter.
Human blood cell separation was demonstrated in device II.
Sample flow rate was kept at 0.06 µL/min, whereas buffer
flow was in the range of 0.5–0.8 µL/min. The interface of the
sample flow and buffer flow could be clearly observed under a
microscope. To minimize the effect of bead-to-bead interaction,
total bead concentration was on the order of 100 µL−1.
Flows were introduced into the device by syringe pumps
(pump 11 Pico Plus, Harvard Apparatus, MA). The separation
region of the device was observed under fluorescent microscope
(Nikon E800, Japan) during the whole testing period. A charge-
coupled device (CCD) camera (Spot RT slider, Diagnostic
Instruments, MI) was connected to the microscope and used
to take videos at various frame rates due to different levels of
illumination. Videos were later analyzed frame by frame.
V. RESULTS AND DISCUSSION
The results of the separation of 5-µm-diameter green and
10-µm-diameter red fluorescent beads in device I are shown in
Fig. 5(a). All 5-µm beads exited from the side channel group
numbers one to three, with number one capturing the most.
Approximately 50% of the 10-µm beads exited from the main
outlet, as predicted by our simulation of the critical particle
radius; the rest flew into side bifurcated channels. Assuming
side channels one to three were collected for 5-µm beads
and the rest exit channels were collection for 10-µm beads,
the normalized separation efficiency was 97% for device I to
separate 5- and 10-µm beads, meaning that, with inputting of
equal number of 5- and 10-µm beads, over 97% of the cells in
exit groups one to three are 5-µm beads and the same for the
10-µm beads in exit groups four to ten.
In device II, 5-µm beads exited mainly from side channel
groups one and two (Fig. 6). The predicted critical particle radii
were 1.50 and 1.70 µm. The 10-µm beads exited mainly from
side channel groups eight to ten. The predicted critical particle
radii ranged from 4.41 to 7.85 µm, which matched well with the
average radius of the particles. If the 5-µm beads were assumed
to exit from side channel groups one to three and the 10-µm
beads from groups four to ten, the histogram of separation
profile [Fig. 5(b)] showed that the separation had an efficiency
of 96%.
There are some discrepancies between predicted critical
particle radii and separation profile for large beads of 10-µm
diameter in device I and small beads of 5-µm diameter in
device II. In device I, according to simulation, all 10-µm beads
should exit from the main outlet. However, in testing, about
50% of the 10-µm beads exited from side channel groups
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Fig. 6. Typical traces of (a) a 5-µm fluorescent polystyrene bead and (b) a 10-µm fluorescent polystyrene bead in device II.
Fig. 7. Erythrocytes and leukocytes separation in device II. (a) Typical traces of erythrocyte (RBC) and leukocyte (WBC) in device II, as pointed by arrows. For
the RBC case, images were extracted from a video with bright field illumination and then overlaid. The images of WBC were extracted from a video with both
weak bright field and Epi fluorescent illumination and then overlaid. (b) Separation statistics of erythrocytes and leukocytes in LRP.
6 to 11. In device II, the simulation predicted most of the
5-µm-diameter particles would exit from side channel groups
four and five. However, in testing, they mainly exited from side
channel groups one and two. These could be due to the coupling
effect of side bifurcated channels, which was not considered in
T-shape simulation, and/or the size variation of the beads (up
to 15%). Other factors, such as the unsteady flow fluctuation
caused by the syringe pumps, adhesion of particles to device
wall, and the difference between 2-D fluidic simulation and 3-D
device operation, could contribute to the discrepancies. In gen-
eral, device II demonstrated better separation profile for 10-µm
particles. In that device, the step sizes of critical particle radii
for larger particles were larger.
For both devices, we observed under a microscope that the
10-µm beads flow in a “jumping” mode in the separation
region, meaning they move toward the stagnation points close
to the downstream vertexes and slow down. After passing
these stagnation points, they quickly flow toward the next side
bifurcated channel. This is similar to the displace mode flow of
large particles in the bump array devices [28].
Erythrocyte and leukocyte separation using diluted human
blood was performed with device II. Erythrocyte behavior
inside the device was studied by using whole human blood
with 1000 times dilution. It still had erythrocyte to leukocyte
ratio in the range of a thousand. The cell flow inside the device
was recorded with a digital camera in video recording mode
under a bright field illumination of a microscope. Erythrocytes
exit mainly from side channel groups two and three. A typical
erythrocyte trace was obtained by overlying images of an
erythrocyte flowing inside the device [Fig. 7(a)]. On the same
picture shows a typical leukocyte trace inside the device ob-
tained in an experiment described hereafter. To study leukocytes
flow inside the device, LRP was prepared, stained with acridine
orange, and tested with a final concentration of leukocytes in the
range of 102 µL−1. The ratio of erythrocytes to leukocytes was
in tens to hundreds range. The cell flow inside the device was
recorded with a digital camera in video recording mode under
green Epi fluorescent and weak bright field illumination of a
fluorescent microscope. Cell separation statistics was obtained
from the analysis of the video [Fig. 7(b)]. The leukocytes are
bright green fluorescent due to the acridine orange staining. The
erythrocytes are dark under the weak bright field illumination,
and they can be analyzed from the video in slow play modes.
The leukocytes demonstrated a different separation profile from
erythrocytes. Most of the leukocytes exited from side channel
groups four to nine, whereas erythrocytes still exited mainly
from side channel groups two and three. Not shown in Fig. 7(b),
we also observed one leukocyte exiting from the main outlet
during testing. If a line was drawn between exit groups three
and four with the assumption that erythrocytes exited from
group numbers one to three and leukocytes exited from the
rest, a separation efficiency of 97% was achieved. The portion
of the separation profile that erythrocytes and leukocytes did
not separate very well was likely to be caused by the size
overlap between erythrocytes and small lymphocytes. Although
the volume of average small lymphocytes is at least twice
that of erythrocytes [48], [49], the size is the determinant
factor for the separation inside this device. The diameters of
erythrocytes are reported between 7 and 9 µm, whereas those
of small lymphocytes are between 6 and 9 µm [44], [46], [47].
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On the other hand, because of the biconcave disk shape of
erythrocytes, their heights range from 1.5 to 3.0 µm, which
are substantially smaller than the average diameter of small
lymphocytes. Therefore, the separation of erythrocytes and
small lymphocytes inside the device depended heavily on the
orientation of erythrocytes in the separation region. In our
testing, we observed a large percentage of erythrocytes with
the flat portion of the disk shape aligned to the device wall
before they entered the separation region, which could help
the separation performance. It will be beneficial to increase the
flow rates so that the shear stress of fluid can better align the
erythrocytes along the device wall and the comparison of their
heights (instead of their diameters) to critical particle radius
will determine into which side channel they flow.
There are several benefits offered by the devices. The filtering
effect of the device was achieved by the collection zone formed
by the fluidic field, not by physical size limitation. Moreover,
this filtering effect was in the direction perpendicular to the
flow direction. This greatly reduced clogging. The separation
regions of the devices had a very small footprint of 1.5 mm
by 0.8 mm. Setting up fluidic resistance of the side channels
could take up a lot of chip space. We showed in this paper
that the local geometry design of the separation region (∆λ)
could change the critical particle radius, which could reduce
the required length of the side channels. In our designs, the
length and width of the side channels are not optimized for
saving chip space, but rather as a convenient way to spread
out for outlet connections. By reducing side channel width and
length simultaneously, the chip area of the side channels can
be reduced by about two orders of magnitude with the same
performance for blood cell separation. This makes the device
very desirable as a component for blood sample preparation
and analysis. Particles of different sizes were collected in
different reservoirs that are connected to the side channels. This
could facilitate further characterization of the particles. The
solvent of sample flow went into upstream side channels. This
meant that larger particles, which exited from downstream side
channels or main outlet, flowed out with the solvent in the
buffer flow, which made solvent change for larger particles
possible.
Flow control could be a problem for the operation of the
device. Although unlike a lot of previous passive particle
separators, hydrodynamic focusing is not required at the in-
let, stable fluidic fields are still required. Disturbance from
pumps, particle adhesion to device walls, and particle–fluid and
particle–particle interactions could change the local flow and
thus change the separation profile and efficiency. A multiple
port injector structure [top right inset in Fig. 3(a)] was de-
signed in the buffer flow inlet. As a result, although the buffer
flow channel was wide, the flow was stable and laminar [50].
Particle–particle interactions set an upper limit on the concen-
tration of the particles. The highest blood concentration we
tried with good separation profile is on the order of 100 times
diluted whole blood. Particle adhesion to device wall could
degrade device performance, particularly in testing with LRP.
Platelets and blood cells were observed to adhere to the device
wall gradually, and plasma protein could build up on device
surface. This process is related to the freshness of the blood
sample. For fresh blood withdrawn within 24 h, it took more
than 1 h before significant biomass built up inside the device
under our testing conditions. For aged blood samples that are
older than three days, the effect showed up within half an hour
of device operation. Surface treatment and dynamic coating
could improve the situation by preventing cell adhesion and
protein buildup on the device wall.
The experimental results presented in this paper use low flow
rates and high particle dilution for the convenience of data
recording and analysis. We also achieved similar separation
results by increasing the flow rates to 1 µL/min and reducing
blood dilution to 100 times. The throughput of the system can
reach ∼103 cells per second in this case, which is comparable
to typical desktop FACS systems.
Two-dimensional Navier–Stokes fluidic dynamic simulation
was used for critical particle radius prediction in device design.
For streamline design with local geometry as in the case of
device I, fluidic resistance model could not be applied, and
simulation was required. In Fig. 2(a), even in cases where only
lengths of side channels change and, thus, fluidic resistance
model was applicable, using simulation was more accurate than
using fluidic resistance model for critical particle radius pre-
diction. This is because the critical particle radius is a property
determined by local streamlines at the bifurcating region, which
is closely related to the local geometrical design. Unfortunately,
this cannot be considered in the fluidic resistance model. For
devices with local geometry variations (∆λ), streamline-based
design with simulation was used to predict the critical particle
radius. Although the testing results showed a good match be-
tween 2-D fluidic simulation and testing results, the 3-D nature
of the channels may have some effects on particle separation.
Ideally for very deep channels, the parabolic velocity profile
of the fluid and the resultant shear stress will keep particles of
similar size in the same layer of fluid. This can make the flow
effectively 2-D. Making high aspect ratio channels could be a
problem in device fabrication; in our PDMS on glass devices,
the aspect ratio was under two.
Assuming that a particle follows the same streamline in low
Reynolds number, laminar flow is an approximation. The actual
particle trajectory is more complicated. The flow shears on the
particles, the rotation of particles, and the nonspherical shapes
of particles contribute to the transverse lift acting on particles
[51]. In the case of blood flow in capillary, blood cells have
been reported to be kept away from capillary walls [52]. Further
investigation of these theoretical aspects can benefit the design
of future passive hydrodynamic microseparators.
VI. CONCLUSION
We presented a streamline-based design of microfabricated
devices to achieve particle separation by size. The 2-D Navier–
Stokes simulation was used to predict the critical particle radius
for separation, which was the parameter that determines the
binary nature of the separation. Two devices were designed
and fabricated. Both of them separated 5- and 10 µm-diameter
polystyrene beads efficiently. The second device also demon-
strated effective separation of human erythrocytes and leuko-
cytes. It had a wider range of critical particle radii with finer
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separation for small particles. This made it better suited for
human blood cell separation.
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